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PET Scanner 



CROSS-REFERENCE TO RELATED APPLICATION 
5 This application is a Continuation-In-Part of U.S. Application No. 09/892,201, 
filed June 26, 2001, which is incorporated herein by reference. 

FIELD OF THE INVENTION 

The present invention relates to a positron emission tomography (PET) camera 
10 or scanner, and to a scintillator for such a camera or scanner. 

BACKGROUND OF THE INVENTION 

PET scanners are well known in the field of medical physics. These scanners 
produce images of the body by detecting radiation emitted from radioactive 

15 substances injected into the body. Each scanner is made up of radiation 
detectors, typically called scintillators, which are arranged in a ring 
configuration around a movable patient table. A typical arrangement with a 
detector ring 10 and a patient table 12 is shown in Figure L Each scintillator 
comprises a crystal and has an associated partner located opposite it on the ring. 

20 Many known cameras use Bi4Ge30i2 (BGO) as a scintillation detector, as taught 
in US 4,843,245 and EP 0,437,051 B. Each scintillator is connected to a 
photomultiplier tube, which is in turn connected to read-out electronics. 

During a scan the patient is positioned on the movable table in the centre of the 
25 ring of detectors. The patient is injected with a radioactive substance, which is 
tagged with a >ff ^radioactive atom that has a short decay time, for example 
carbon-11, fluorine-18, oxygen-15 or nitrogen-13. During decay of the nuclei 
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of the radioisotopes, positrons are given off. When a positron is emitted and 
meets an electron, the collision produces two ganmia rays that have the same 
energy, 511 keV, but travel in opposite directions. By detecting coincidentally 
the gamma rays generated using scintillators that are diametrically opposed on 
5 the ring, the trajectory on which the disintegration occurred can be detected. 
The scintillator crystals convert the ganraia rays to photons of light that are 
transmitted to the photomultiplier tubes, which convert and amplify the photons 
to electrical signals. These electrical signals are then processed by a computer 
to generate three dimensional images of the body over the region of interest 
10 (e.g. brain, breast, liver). 

An advantage of PET scanning is the ability to determine accurately 
radionucUde localization and to quantify physiological processes in the body. 
This can be done because of the emission from the patient's body of two 

15 ganmia photons that travel in opposite directions. Anodier advantage is that 
PET scanners use biological compounds similar or identical to those found in 
the human body, such as carbon, nitrogen, and oxygen. This means that the 
PET radionuclides can be substituted directly into biological substances used by 
the body. In addition, it means that PET tracers do not merely mimic biological 

20 pathways as do agents for some other scanners, instead PET tracers actually 
follow true physiological and metabolic processes. This is advantageous. In 
contrast, other nuclear medicine imaging techniques require compounds 
labelled with radioactive nucUdes not conmionly found in the body. These 
modified compounds only approximate the true distribution in the human body. 

25 

Because of the many advantages inherent in PET scanners, there is a drive to 
improve their performance, thereby to increase the accuracy of the scanned 
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images and so assist clinicians. To this end, work is presently being done by 
many groups to improve the characteristics of such scanners. 

The most important characteristics of a PET camera are its spatial resolution 
5 and sensitivity. Conventional PET cameras can provide spatial resolutions in 
the range of 4-6 mm at full width half maximum (FWHM) of the emission 
spectrum. Better spatial resolution requires a large number of scintillation 
detectors with reduced size, and as a consequence, a large number of 
photodetectors and associated read-out electronics. This, however, increases 
10 the cost At the same time, new demands on human PET instrumentation, for 
example on precise brain imaging, require spatial resolution to be better than 2 
nun. 

The combined formula for a reconstructed image resolution for a PET scanner 
15 can be expressed as follows: 

r = 1 25^j{dllf -\-{QSm2Df +r'+fc' 

Here Tis the reconstructed image resolution in nrai FWHM, d is detector size, 
D is the detector array diameter, which is typically 600-800 nmi for a whole 
body PET scanner and 250-300 nmi for a brain PET (NB including D takes into 

20 account photon non-collinearity from positron decay), r is the effective positron 
range (from 0.5 mm for '^F to 4.5 nun for ^^Rb), and b is an additional factor, 
which is derived from a hit point identification scheme (Anger Logic or "true" 
position sensitive photo detector, i.e: analog ratios among many photomultiplier 
signals). Assuming that b is zero for a position sensitive photodetector, it is 

25 possible to achieve (with ^^F) F = 1 nun resolution for brain a PET at rf=l nun. 
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In addition to limitations on the spatial resolution of known PET scanners, there 
is also a geometrical limitation on the spatial resolution at the end of a PET 
scanner field of view. This is the so-called radial elongation distortion, which 
occurs when ganuna trajectories cross several scintillation detectors. 

5 

Assuming that the above equation is accurate, in order to satisfy the growing 
demand on the spatial resolution and sensitivity of PET cameras, it will be 
appreciated that the camera has to be made of thin detectors with high stopping 
power. In practice, however, the stopping power being Umited by the density of 

10 ttie material die detector needs to have a certain length, typically one to three 

centimetres which reduces the spatial resolution at the edge of the field of view. 
This is a disadvantage. To overcome this problem and avoid degradation of the 
spatial resolution, it is necessary to use a detector with depth of interaction 
(DOI) determination capabihty, i.e. the ability to determine the interaction co- 

15 ordinate along the detector cell. The most convenient way to do this is to use a 
multi-layer detector, in which the layers are made of material with different 
scintillation properties. Because the layers have different characteristics, when 
a gamma ray is detected it is possible to identify the layer that was hit and so 
determine more accurately the interaction point. 

20 

Many multi-layer detectors are known. For example, US 4,843,245 describes a 
multi-layer scintillator that uses adjacent BGO and GSO (GdaSiOs) crystals. EP 
0,219,648 teaches the use of a three layer scintillator that has an inner layer of 
BaFa, a middle layer of GSO and an outer layer of BGO. WO 99/24848 also 
25 teaches the use of a multi-layer detector and in particular a "phoswich" detector, 
in which different detector layers are made of different scintillators witii 
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different decay times. The phoswich described in WO 99/24848 has two layers, 
one each of BGO and Lu2Si05:Ce (LSO). 

Another known multi-layer detector uses a combination of LSO and GSO. In 
5 this case, hit layer determination is carried out using pulse shape discrimination. 
This can be done because of the large difference in decay time constants of the 
LSO and GSO layers. Unfortunately, the photoelectric absorption coefficient of 
GSO is much less than that of LSO. This means that the stopping power of the 
GSO is limited, which introduces a degree of uncertainty into the determination 
10 of the hit layer. 

In yet another known PET, the scintillation detectors are made of layers of 
"fast" and "slow" LSO scintillators, grown with different cerium concentrations. 

15 As with the LSO and GSO detectors, pulse shape discrimination is used to 

determine the hit layer. A disadvantage of this particular device is, however, 
that the difference in decay time constants of "fast" and "slow" LSO is only 
about 10% (4-5 nanoseconds at mean value of 40ns). Hence, there can be 
difficulty in determining the hit layer with any certainty. 

20 

SUMMARY OF THE INVENTION 

According to one aspect of the present invention, there is provided a positron 
emission tomography camera or scanner comprising: a patient area, a detector 
ring for detecting radiation from opposite sides of the patient area, the ring 
25 including a plurality of scintillation detectors directed towards the patient area, 
the scintillation detectors being such as to emit light when radiation is incident 
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thereon, and converting means optically coupled to the scintillation detectors 
for converting light emitted by the scintillation detectors to electrical pulses, 
wherein each of the pluraUty of scintillation detectors comprises lutetium- 
yttrium-aluminate-perovskite, LuxYj.xAP (where 0.5 < x < 0.995). 

5 

In an embodiment each of the scintillation detectors comprises at least one 
further scintillating layer. 

In an embodiment each of the scintillation detectors comprises at least one 
10 further layer of material disposed adjacent the lutetium-yttrium-aluminate- 
perovskite , the said material comprising one of the group comprising LSO, 
BGO, GSO ,LGSO, YAP, YSO and LYSO. 

In an embodiment each of the scintillation detectors comprise said LuxYi.xAP as 
15 a first layer and at least one further layer disposed adjacent the first layer, the 
further layer comprising Lu^Y^xAP wherein for said at least one further layer 
the value of x is selected to provide appropriate differences in the time constant 
to the time constant of the LUxYi.^AP of the first layer. 

20 In an embodiment, determining means are provided for determining whether 

detected radiation was incident on the lutetium-yttrium-aluminate-perovskite or 
the at least one further layer. 

In an embodiment, the determining means are operable to analyse the electrical 
25 signal to determine a pulse shape, the pulse shape being indicative of whether 
detected radiation was incident on the lutetium-yttrium-aluminate-perovskite or 
the at least one fiirther layer. 
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In an embodiment, a respective optical element is disposed between each 
scintillation detector and its associated converting means, the optical element 
being such that light from the lutetium-yttrium-aluminate-perovskite is affected 
5 in one way and light from the at least one further layer is affected in another 
way. 

In an embodiment, the camera or scanner further comprises at least one optical 
element, the optical element being disposed to receive light from at least two 
10 scintillation detectors and being constructed and arranged so that light from the 
lutetium-yttrium-aluminate-perovskite is affected in one way and light from the 
at least one further layer is affected in another way. 

In an embodiment, the optical element is a wavelength divider. 

15 

In an embodiment, the wavelength divider comprises at least one of the group 
comprising a glass filter, an interference filter, a diffraction grating, a prism, a 
diffractive micro-optic array and a refractive micro-optic array. 

20 In an embodiment, the converting means comprise at least one photomultiplier 
tube. 

In an embodiment, the or each photomultiplier tube is position sensitive. 

25 In an embodiment, the converting means comprise one of photodiodes and 
avalanche photodiodes. 
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In an embodiment, the converting means comprise one of silicon photodiodes 
and avalanche sihcon photodiodes. 

According to a second aspect of the invention there is provided a positron 
emission tomography camera or scanner comprising a plurality of scintillators, 
wherein the scintillators comprise lutetium-yttrium-aluminate-perovskite, 
LuxYi.xAP (where 0.5 < x < 0.995). 

In an embodiment, the scintillators additionally comprise a layer of material 
positioned adjacent the lutetium-yttrium-aluminate-perovskite, wherein said 
material comprises one of the group comprising LSO, GSO, BGO, LGSO, 
YAP, YSOandLYSO. 

According to a further aspect of the invention there is provided a scintillator for 
use in the camera or scanner of the first or second aspects, wherein the 
scintillator comprises lutetium-yttrium-aluminate-perovskite, LuxYi_xAP (where 
0.5 <x< 0.995). 

BRIEF DESCRIPTION OF THE DRAWINGS 

Various cameras and scintillators in which the invention is embodied will now 
be described by way of example only and with reference to the accompanying 
drawings, of which: 

Figure 1 is a perspective view of a ring and table; 

Figure 2(a) is a side view of a first detector for use in a PET; 

Figure 2(b) is a front view on arrow A of Figure 2(a); 

Figure 3 shows a table that includes various scintillation 

characteristics of LSO, LuYAP and GSO scintillators; 
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Figure 4 is a plot of calculated relative sensitivities of PET scanners 
based on LSO, LuYAP and GSO scintillators, at Ey=511keV, vs 
crystal thickness; 

Figure 5 shows emission spectra for LSO and LuYAP, and 
5 Figure 6 is a block diagram of a second detector for use in a PET. 

DESCRIPTION OF PREFERRED EMBODIMENTS 

The PET in which the invention is embodied uses scintillators that 
comprise lutetium based crystals. In particular, the scintillator in which the 
10 invention is embodied uses lutetium-yttrium-aluminate-perovskite, with the 
proportions of Lu and Y defined by Lu^Y^xAP (where 0.5 < x < 0.995). This 
material has many properties that make it useful as a scintillator; hereinafter it is 
referred to as Lu YAP. 



15 Figures 2(a) and (b) show two scintillators for a PET scanner, each of which 

comprises an inner layer of LSO 14,16 and a layer of LuYAP 18,20. Each layer 
of LSO and LuAP is preferably less than 20nmi thick. Adjacent each LuYAP 
layer 18, 20 and optically coupled thereto is a photodetector 22,24 for detecting 
Ught emitted either from the LSO 14,16 or the LuAP 18,20. The photodetectors 

20 22,24 can be of any suitable type, but typically include photo-multipliers or 
avalanche photodiodes. Signals from the photodetectors 22,24 are processed 
using read-out electronics (not shown). In practice, a plurality of the 
scintillators and photodetectors shown in Figure 2 are provided in a ring 
configuration around a patient table, in accordance with conventional layout for 

25 PET scanners. Using signals from the photodetectors, an image of the tissue 
being scanned can be constructed. 
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The use of LuYAP in the scanner of Figures 2(a) and (b) provides various 
benefits. This is because of the advantageous crystal characteristics of LuYAP. 

Relative properties of LuYAP, LSO and GSO are shown in the table of Figure 
5 3, from which it can be seen that the photoelectric absorption coefficient of 
LuYAP at 51 1 keV is 0.31, which is comparable to LSO which has a 
photoelectric absorption coefficient of 0.30. In contrast, the photoelectric 
absorption coefficient for GSO is 0. 18. This means that the effective stopping 
power of GSO is significantly less than that of either of LSO or LuYAP. In 

10 addition, the decay constant for LuYAP is 1 Ins for 60 per cent of the emitted 
light, whereas for LSO it is 40ns. This is a relatively large difference. This is 
advantageous for the LSO/LuYAP scintillator of Figure 2, because it means that 
pulse width discrimination can be used to accurately determine the hit layer. A 
further advantage of the LSO/LuYAP device of Figure 2 is that LuYAP is 

15 transparent to LSO scintillation light. This means that light emitted from the 
inner LSO layer can pass substantially unimpeded through the LuYAP to the 
photodetector. This improves the sensitivity of the detection process. 

Relative sensitivities of PET scanners that use rings of LuYAP, LSO and GSO 
20 scintillators respectively are shown as a function of crystal thickness in Figure 
4. It should be noted that the relative probability of detecting double 
coincidence of photo absorption events is taken as a measure of the PET ring 
sensitivity. 

25 From Figure 4, it can be seen that the sensitivity of a PET scanner that uses 

GSO scintillators is much less than that for a scanner using LuYAP scintillators 
(comparing scanners of the same size). Hence, the dual layer LSO/LuYAP 
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scintillator of Figure 2 can be made more sensitive than a conventional 
LSO/GSO scintillator of the same size. Alternatively, the same sensitivity can 
be obtained using a significantly thinner LSO/LuYAP scintillator. This is 
advantageous, because it means that the overall size of the PET scanner can be 
5 reduced, as can the associated cost. In particular, for a dual layer detector made 
of LSO/LuYAP and a dual layer detector made of LSO/GSO, the same level of 
sensitivity can be obtained when the LuYAP layer is about 1.7 times thinner 
than a layer of GSO. This means that the PET scanner made of LSO/LuYAP 
has better spatial resolution at the end of the field of view than a scanner made 
10 from LSO/GSO and the cost is Ukely to be lower, because the volume of crystal 
needed is reduced. 

Figure 5 shows emission spectra for each of LSO and LuYAP. From this is can 
be seen that the LSO spectra has a maximum of 420nm and the LuYAP spectra 

15 has a maximum of 378nm. Hence, if the Ught detected by the photodetectors of 
Figure 2 is at 378nm, this indicates that the LuYAP was hit, whereas if the light 
detected is at 420nm, this indicates that the LSO was hit. This means that in 
addition to using pulse width discrimination, the spectral selection of the 
emission for the scintillator of Figure 2 can be used to identify the hit layer. 

20 This can be done by detecting the "colour" of the hght that reaches the 

photodetector. Figure 6 shows a detector that is adapted to detect the colour of 
the light. 

Figure 6 shows plurality of like scintillators for a PET camera, each of which 
25 has a LSO layer 26,28 and a LuYAP layer 30,32. As before, each layer of LSO 
26,28 and LuAP 30,32 is preferably less than 20mm thick. Adjacent the 
scintillators are a plurality of wavelength division elements 34,36. Each of 
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these is physically offset relative to the scintillators, so that it spans, by equal 
amounts, two adjacent scintillation detectors. Adjacent wavelength dividers 34 
and 36 have different transmission coefficients. This means that the end of each 
scintillator is adjacent two different wavelength dividers 34 and 36. The 
5 wavelength division elements 34 and 36 can be made of coloured glass filters. 
In the example of Figure 6, filter 34 is transparent for light emissions from both 
of the LSO and the LuYAP layers 26 and 30 respectively, whereas filter 36 is 
transparent for emissions from the LuYAP layer 26 and semi-transparent for 
emissions from the LSO layer 26. Hence, whilst the filter 34 affects Ught from 
10 the different scintillation layers to the same extent, the filter 36 affects light 

from the LuYAP layer in one way and light from the LSO layer in another way. 

To detect scintillation light from the scintillators of Figure 6, photodetectors 38 
and 40 are optically coupled to the wavelength dividers 34,36. Each 

15 photodetector 38,40 is physically offset relative to the scintillation detectors, but 
substantially in Une with its associated wavelength divider 34,36, so that it 
spans two adjacent scintillation detectors. Coupled to each photodetector 38,40 
is an ampUfier 42,44 for amphfying its output. Signals from the amplifiers 
42,44 are output to an analogue to digital converter 46 for processing. The 

20 processed signals are used to construct an image of the material being scanned. 

To provide a PET scanner, a pluraUty of the scintillators and photodetectors 
shown in Figure 6 are provided in a ring configuration around a patient table, in 
accordance with the conventional practice. 

25 

When the LuYAP detector 30 of Figure 6 is hit, the amplitudes of the electrical 
pulses from photodetectors 38 and 40 are equal. This is because the wavelength 
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dividers 34 and 36 are each transparent to LuYAP scintillation light. In 
contrast, when the LSO detector 26 is hit, the amplitude of the electrical pulse 
from the photodetector 38 is higher than that of photodetector 40. This is 
because the wavelength divider 34 is transparent to LSO scintillation light, 
5 whereas the wavelength divider 36 is only semi-transparent to such light. 
Hence, by comparing the amplitudes of the pulses detected by the 
photodetectors, the hit layer can be identified. 

Whilst the wavelength dividers 34 and 36 of Figure 6 comprise a glass filter, 
10 they could equally be any one or more of an interference filter and/or a 

diffraction grating and/or a prism and/or a diffractive micro-optic array and/or a 
refractive micro-optic array. 

In summary, the present invention is directed to the use of a new high- 
15 sensitivity crystal, LuYAP, which when apphed to a PET camera provide 

greater image sharpness, due to the decreased size of the scintillation detector. 
The PET is less expensive, more sensitive and has relatively low angulation 
degradation of the spatial resolution, thereby allowing the diameter of the 
detector ring to be decreased, which in tum reduces the overall cost of the 
20 camera. Furthermore, in a dual layer configuration the large difference in decay 
time constants of LSO and LuYAP (40 ns and 1 1 ns for 60 per cent of the 
emitted light respectively) makes pulse shape discrimination a useful option and 
allows effective hit layer determination. 

25 Ottier embodiments of the present invention relate to scintillators for PET 
cameras or scanners, and to PET cameras or scanners having scintillators in 
which a layer of LuYAP (as defined above) is adjacent another material adapted 
to scintillate, wherein the another material may be one of the group comprising 
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LSO, BGO, LGSO, YAP, YSO and LYSO. In other embodiments, there are 
two or more layers of LuYAP, with the proportions of Lu to Y in each layer 
being selected to give different time constants (LuxYi.xAP with x selected to be 
different in adjacent layers to afford the requisite time constant performance) 

5 

A skilled person will appreciate that variations of the disclosed arrangements 
are possible without departing from the invention. Accordingly, the description 
of the specific embodiments is made by way of example and not for the 
purposes of Umitation. It will be clear to the skilled person that minor 
10 modifications can be made without significant changes to the operation 
described above. 



